Background: Biomechanical models are commonly used to estimate loads on the spine. Current models have focused on understanding the etiology of low back pain and have not included thoracic vertebral levels. Using experimental data on the stiffness of the thoracic spine, ribcage, and sternum, we developed a new quasi-static stiffness-based biomechanical model to calculate loads on the thoracic and lumbar spine during bending or lifting tasks. Methods: To assess the sensitivity of the model to our key assumptions, we determined the effect of varying ribcage and sternal stiffness, maximum muscle stress, and objective function on predicted spinal loads. We compared estimates of spinal loading obtained with our model to previously reported in vivo intradiscal pressures and muscle activation patterns. Findings: Inclusion of the ribs and sternum caused an average decrease in vertebral compressive force of 33% for forward flexion and 18% in a lateral moment task. The impact of maximum muscle stress on vertebral force was limited to a narrow range of values. Compressive forces predicted by our model were strongly correlated to in vivo intradiscal pressure measurements in the thoracic (r = 0.95) and lumbar (r = 1) spine. Predicted trunk muscle activity was also strongly correlated (r = 0.95) with previously published EMG data from the lumbar spine. Interpretation: The consistency and accuracy of the model predictions appear to be sufficient to justify the use of this model for investigating the relationships between applied loads and injury to the thoracic spine during quasi-static loading activities.
Introduction
Biomechanical models are commonly used to estimate loads on the spine during occupational bending and lifting tasks, as well as during common activities of daily life. Current models have focused on low back pain, and as a result have dealt almost exclusively with forces in the lumbar and sacrolumbar regions.
Acute pain in the upper back and shoulders is a commonly occurring injury among industrial and service workers (Andersen et al., 2007) . Furthermore, vertebral fractures are most common at the mid-thoracic and thoracolumbar regions (Delmas et al., 2005; Melton et al., 1993) . Despite these injury patterns, little progress has been made toward understanding the loads applied to the thoracic spine during common activities. Existing biomechanical models of the thoracic spine have studied respiratory mechanics, scoliosis, and ribcage deformities (Andriacchi et al., 1974; Closkey et al., 1992; Kong and Goel, 2003; Loring, 1991) , rather than forces applied to the thoracic vertebrae. Thus, a biomechanical model capable of estimating forces applied to thoracic vertebrae and exerted by surrounding trunk musculature may provide insights into the etiology of musculoskeletal disorders in this region.
Accurately modeling the thoracic spine requires developing a new approach to incorporate the mechanical contribution of the ribcage and sternum. Clinical observations and experimental studies provide evidence that the ribcage and sternum add stiffness to the thorax and serve to reinforce the thoracic spine during compression and bending (Andriacchi et al., 1974; Berg, 1993; Oda et al., 1996 Oda et al., , 2002 Watkins et al., 2005) .
Thus, our objective was to use experimental observations regarding ribcage and sternum stiffness to develop a quasi-static biomechanical model capable of estimating trunk muscle forces and loads on the vertebral bodies in the thoracic and lumbar regions during various tasks. To examine the soundness of assumptions used in the model, we conducted sensitivity analyses of ribcage and sternum stiffness and maximum muscle stress to examine their effect on predicted forces in the spine. Finally, we compared the estimates of spinal loading obtained with our model to previously reported in vivo intradiscal pressures and muscle activation patterns for various activities.
Methods
Our model uses principles that are similar to previously published quasi-static models of the lumbar spine (Bean et al., 1988; Brown and Potvin, 2005; Rasmussen et al., 2001) . Briefly, each movement or task was divided into a series of body positions encompassing the entire movement. For each body position, muscle forces and loads on the vertebral body were determined separately for each individual vertebral cross-section (T6-L5) and were calculated independent of the forces in the cross-sections above or below. These forces were calculated using a two-step process assuming static equilibrium (forces due to motion were not considered). First, for a given body position, external forces and moments were calculated at each vertebral level using subject height, weight, and anthropometric data for body-segment lengths and masses (Contini, 1972; Liu et al., 1971; Winter, 1990) . External forces and moment acting on each cross-section were calculated using the weight of the body above the level of interest. The body superior to the lumbo-sacral joint was modeled by seven segments: the head and neck, the thorax, the abdomen, the upper arms, the forearms, and hands. For each body position and segment, the axial rotation and angles from vertical and horizontal were used as inputs. The segment-specific distribution of weight was determined using anthropologic data for body-segment length and trunk mass (Contini, 1972; Liu et al., 1971) . Second, muscle forces and compressive forces on the vertebral body were determined by minimizing the sum of cubed muscle intensities required to balance the external moments and forces (Crowninshield and Brand, 1981; Hughes, 2000) .
Trunk muscle, ribcage, and sternum morphology
Morphologies of trunk muscles, ribs, and the sternum at each vertebral cross-section were measured from quantitative computed tomography (QCT) scans of subjects enrolled in the Framingham Heart Study Multidetector CT Study, a community-based study of vascular calcification (Hoffmann et al., 2008) . Subjects included 14 men with a mean age of 56.8 yrs (SD 4.1 yrs), height of 180 cm (SD 6 cm), and weight of 91.4 kg (SD 12.8 kg). The QCT scans had a nominal in-plane pixel size of 0.68 × 0.68 mm and a slice thickness of 2.5 mm. Muscle cross-sectional area (CSA), centroid location and line of action were measured at each vertebral level (T6-L5) for each trunk muscle of interest (Table 1) . A single operator manually outlined each muscle or structure, followed by calculation of CSA and centroid location using custom software. Moment arm lengths (MAL) in the medial-lateral and anterior-posterior direction were calculated as the distance from the centroid of the muscle or structure to the centroid of the vertebral body.
General optimization scheme to determine muscle forces at each vertebral level
Minimization of the sum of cubed muscle intensities was performed using the Matlab function ga found in the Genetic Algorithm and Direct Search Toolbox 2.4 (The Mathworks, Natick, MA). The Genetic Algorithm uses a stochastic method and the principles of natural selection to optimize muscle activation. This algorithm allows for small variations in predicted compressive force for a given task. To characterize this variation, the optimization algorithm was performed ten times for a single task (30°trunk flexion), and the resulting vertebral body compressive forces were computed. Muscle forces were assumed to be ≥ 0, with a maximum muscle stress (MMS, force/ area) of 0.9 MPa based on the physiologic cross-sectional area, calculated as previously described (Narici, 1999) .
Inclusion of the ribcage and sternum
At thoracic levels (T6-T10), the ribcage and sternum were included in the model as load-bearing elements, with their individual mechanical contribution determined based on experimental data of the stiffness contributions of the sternum and ribcage to the thoracic spine (Watkins et al., 2005) . The ratios of ribcage and sternum force to compressive force on the vertebral body were determined as though the four elements (i.e., the R rib, L rib, sternum and vertebral body) were parallel springs in a mechanical circuit (Fig. 1) . The total stiffness of the ribcage-sternum-spine complex was calculated as:
Using this relationship, the portion of the total external force (F total ) that is distributed to the ribs and sternum was:
Using the moment arm of the ribcage and the sternum at each cross-section, we calculated the proportion of the external moment acting about the vertebral body that was not being supported by the sternum and ribcage:
where M total was the total external moment calculated based on body position and anthropometric data, and MAL sternum , MAL right_ribcage , MAL left_ribcage were the sternal, right, and left ribcage moment arm lengths. Note that moment arm lengths were measured from the centroid of the vertebral body, therefore F vertebrae was not considered in this calculation. The external moment calculated by the biomechanical model was divided into components acting around the anteroposterior, mediolateral and superoinferior axes. The remaining moment acting about the vertebral body, M vertebralbody , was balanced by muscle forces in the cross-section. Table 1 Muscles and bony structures measured from QCT scans and included in the biomechanical model, by vertebral level.
Our model does not include deformation of the spine per se, but rather models flexion and extension as an inclination of the upper body; therefore, we used experimental stiffness values determined for axial compression (Watkins et al., 2005) for all simulated tasks. However, future models could include task-dependent stiffness values, since the stiffness contributions of the sternum and ribcage were found to be different for axial compression, axial torque, lateralbending, and flexion/extension (Watkins et al., 2005) .
Using data from Watkins et al. (2005) , sternal stiffness was assumed to be 29.4% of k total and was included at each level from T6 to T10. Ribcage stiffness was assumed to be 10.4% of k total (Watkins et al., 2005) and was evenly distributed to each half of the ribcage. The stiffness of the floating ribs at T11 and T12 was neglected, as they are not part of the sternum-ribcage complex. Finally, the stiffness contribution of each rib was presumed to be distributed through each cross-section in which they were visible. Whereas crosssectional images of levels T6-T10 typically had three ribs visible on each side, T11 and T12 typically had two and one rib visible, respectively. The stiffness of the ribcage at T11 and T12 was therefore assumed to be 2/3 and 1/3 of the stiffness at other levels, respectively.
Sensitivity analyses
We conducted three sensitivity analyses to characterize the sensitivity of the model to our key assumptions. First, the stiffness of the ribcage and sternum were varied from 0 (no weight bearing by the ribs and sternum) to 200% of baseline stiffness (Watkins et al., 2005) for two tasks: 30°flexion and lateral moment. Second, the maximum muscle stress was varied from 0.5 to 1.0 MPa. Third, we determined the influence of the objective function on predicted vertebral compressive forces by comparing the min/max objective function to the sum of cubed intensities algorithm. In the min/max method, the optimization function attempts to minimize the maximum muscle stress at any given level (Bean et al., 1988) .
Model validation
To assess the accuracy of the model, we compared predicted vertebral compressive forces and muscle activation patterns to published experimental data. Vertebral compressive forces were compared to in vivo intradiscal pressures in the thoracic (Polga et al., 2004) and lumbar (Wilke et al., 1999) spine. The tasks validated included relaxed standing, lateral moment, trunk flexion of 30°, trunk extension of 15°, 10 kg load with elbows flexed to 90°, and a 10 kg load with 30°of trunk flexion and arms at the sides. For trunk flexion/ extension tasks, the model was inclined at the hip; flexion of the spine itself was not considered. For all tasks except for "elbows flexed", the load was assumed to be held at the sides (0°from vertical).
Muscle activation patterns predicted by the model were compared to EMG data from the lumbar spine (Schultz et al., 1982) . Specifically, we compared the activation of the obliques and the muscles in the back (erector spinae, multifudus and latissimus dorsi) to myoelectric signal amplitude for 5 different tasks: 1) relaxed standing, 2) standing with arms extended to 90°3) 8 kg load held at sides, 4) trunk flexion of 30°with arms extended, and 5) trunk flexion of 30°with arms extended, holding 8 kg.
Results
Forces on the vertebral bodies depended on the simulated task (Fig. 2) . Among the tasks examined, compressive forces on the thoracic spine were highest for holding a 10 kg load in the hands with Fig. 1 . At each vertebral level, the superincumbent force and the subsequent moment about the vertebral body are balanced by forces in the sternum and ribcage and muscle forces. The relative mechanical contributions of the spine, ribcage, and sternum in each vertebral cross-section were calculated based on the relationship between parallel springs, using experimentally determined stiffness data (Watkins et al., 2005) . elbows bent to 90°(mean 1552 N, SD 119 N), an increase of 448% compared to relaxed standing. Mean lumbar compressive force for the same task was 1693 N, a 252% increase compared to standing. This task also produced a higher compressive force in the thoracic spine compared to forward flexion (1552 N vs. 593 N), even though these tasks produced similar forces in the lumbar spine (1693 N vs. 1721 N).
Characterizing the optimization algorithm
Using the sum of cubed intensities objective function, the ga optimization algorithm produced consistent results. The range of the vertebral compressive forces for 10 repeated trials was less than 6 N, or less than 0.8% of the mean force for all vertebral levels. Because the variation of predicted compressive forces was so small, multiple optimization analyses were not performed in subsequent simulations.
Sensitivity analyses
i. Ribcage and sternal stiffness As expected, varying the ribcage-sternal stiffness influenced the predicted vertebral compressive force in the thoracic spine (Fig. 3) . In the forward flexion task, with ribcage stiffness set to 0 (i.e., no load bearing by the ribcage), the average compressive force on thoracic vertebral bodies was 752 N, ranging from 521 N at T6 to 1038 N at T12. Addition of the ribs/sternum caused an average decrease in vertebral compressive force in the thoracic spine of 222 N (33%). Increasing ribcage stiffness to 200% of baseline caused on average a 51% decline in mean compressive force compared to baseline. Whereas compressive forces associated with forward flexion showed large changes with the inclusion of the sternum/ ribcage construct, predicted vertebral forces due to a lateral moment were not as sensitive to changes in the ribcage stiffness ( Fig. 3A and B) . With no load bearing by the ribcage, average compressive forces in the thoracic spine were 438 N during the lateral moment task. Addition of the ribcage caused the average vertebral compressive force to fall by 78 N (18%). Increasing rib cage stiffness to 200% of baseline values resulted in a further 21% decline in the average compressive force on the thoracic vertebral bodies. ii. Maximum muscle stress
Varying maximum muscle stress (MMS) caused task-dependent changes in compressive forces (Supplemental Data, Table 1 ). In general, changing MMS had little effect on vertebral force predictions but tended to grow larger with more demanding tasks. When lifting a 20 kg load with elbow flexion, for example, a larger minimum MMS was required in order for the algorithm to find a feasible solution (Supplemental Data, Fig. 1 ). For this task, the effect of varying MMS was largest at T8 and T9; the differences at these levels were as high as 29% with a 0.01 MPa change in MMS. The force generated by the latissimus dorsi decreased from 450 N to 45 N as MMS was increased from 0.82 MPa to 0.85 MPa. iii. Optimization objective function
Using an alternate min/max optimization objective function caused changes in predicted compressive force that varied as a function of the task and vertebral level analyzed (Supplemental Data, Table 2 ). When standing, the difference in compressive force for the sum of cubes objective function compared to the min/max objective function averaged 2.8% (range: 0.2%-6.5%). The difference between the two approaches increased with the task severity (e.g., addition of weight and flexion). In a flexion task carrying a 10 kg load, the difference between predicted compressive forces was as high as 29% at T10. However, for the remainder of the vertebral levels, the difference in predicted compressive force with the objective function ranged from 3.5% to 17.0%
Model validation
Vertebral compressive forces calculated by the biomechanical model were strongly correlated with in vivo intradiscal pressures measured in the thoracic (r 2 = 0. 95, Fig. 4 ) and lumbar (r 2 = 1.0, Supplemental Data, Fig. 2 and Supplemental Data, Table 4 ) spine. Increases in predicted vertebral compressive force during forward flexion were much lower in the thoracic than in the lumbar spine. Absolute values for predicted compressive force in the lumbar spine for forward flexion with and without weight in hands were within 5% of previously reported values (Schultz et al., 1982) : 1) 30% forward flexion: 1400 N (Schultz et al., 1982) vs 1349 N (current model), and Compressive force on the vertebral body was strongly dependent on the mechanical contributions of the sternum and ribcage at thoracic levels. Fig. 4 . Vertebral compressive force at T9 and T10 predicted by the biomechanical model showed strong correlation to reported intradiscal pressures at T9/T10 and T10/T11 in the thoracic spine for various tasks (Polga et al., 2004) .
2) 30% forward flexion with 8 kg in hands: 1620 N (Schultz et al., 1982) vs 1685 N (current model). Predicted muscle activation patterns were also strongly correlated to previously reported EMG recordings of the erector muscles at L3 (r 2 = 0.95, Supplemental Data, Fig. 3 ). Muscle activity increased 5-fold for flexion compared to standing, similar to previous EMG recordings (Schultz et al., 1982) . During flexion, muscles of the anterior abdominal wall (rectus abdominus) were not activated, whereas these muscles played an important role when the subject was standing with arms out (Supplemental Data, Table 3 ).
Discussion
We developed a biomechanical model of the spine that includes stiffness-based contributions of the sternum and ribcage for prediction of vertebral compressive forces in the thoracic spine. The mechanical contribution of the ribcage and sternum were based on previously published stiffness values (Watkins et al., 2005) . Predictions made by our model were strongly correlated to in vivo thoracic intradiscal pressures (Polga et al., 2004) and EMG data from the lumbar spine (Schultz et al., 1982) . Altogether, the consistency of the model predictions is sufficient to justify the use of this model for investigating applied loads and injury to the thoracic spine during quasi-static loading activities.
Incorporating the mechanical contribution of the ribcage and sternum substantially reduced predicted compressive forces on the thoracic vertebral bodies for flexion and load-carrying tasks. However, in other tasks (relaxed standing and lateral moment) there was a smaller decrease in compressive force with the addition of the ribcage. This result seems physiologically intuitive. During tasks such as standing the ribcage cannot contribute a large moment since it is acting to support a relatively small load. In comparison, for tasks such as forward flexion, when the moment applied to the spine is considerably larger, the ribcage-sternum complex acts to generate a moment that counters loading and prevents the drastic increase in compressive force observed in the lumbar spine for the same task. Our model predicted that a change from standing to 30°flexion would cause a 185% increase in vertebral compressive force in the lumbar spine but only a 57% increase in the thoracic spine. Flexion tasks have been reported to increase intradiscal pressure in the lumbar spine between 120 and 220% (Sato et al., 1999; Schultz et al., 1982; Wilke et al., 1999) but only increase intradiscal pressure in the thoracic spine by 26% (Polga et al., 2004) . This observation invites future study as it suggests that tasks that cause injury to the thoracic spine might be fundamentally different from tasks that cause injury to the lumbar spine.
In addition to characterizing the effect of ribcage stiffness, we sought to examine how changing the maximum muscle stress affects prediction of compressive forces. Previously published models used MMS values from 0.2 to 1.0 MPa (Hansen et al., 2006) . Varying MMS had minimal effect on vertebral force predictions unless the MMS approached the minimum required MMS to find a feasible solution. Certain tasks required higher MMS to find a feasible solution at a given vertebral level, e.g., 0.82 MPa was required at T8 for 20 kg load with elbow flexion. Around these minimum MMS points, any increase in MMS resulted in a significant decrease in compressive force as more muscles were recruited to balance the superincumbent force.
We also examined the effect of the optimization function on the predicted compressive force. Whereas predicted forces were similar for the sum of cubed intensities and min/max functions, the difference in predicted compressive force increased with more demanding tasks (Rohlmann et al., 2006) . The sum of cubed muscle intensity algorithms we used also predicted small amounts of co-contraction in the muscles of the anterior abdominal wall during demanding tasks (e.g. lifting weights with arms out). This is similar to previously published data (Hughes, 2000; Stokes and Gardner-Morse, 2001 ). Nonetheless, it is likely that our model still underestimates in vivo antagonist muscle activity given the nature of our optimization function. A lack of co-contraction is a limitation of many current models of the spine (Brown and Potvin, 2005) .
Stiffness-based models have been used extensively to characterize motion (Farley et al., 1993; Schmitt and Holmes, 2000) , load distribution (Liu and Nigg, 2000; Zadpoor et al., 2007) and stability (Obusek et al., 1995) during walking. Spring-like stiffness properties have been assigned to passive elements along the spine (Kiefer et al., 1998; Muri et al., 2008) and used to study the effects of intraabdominal pressures on stability (Cholewicki et al., 1999) . There is evidence to suggest that a similar stiffness-based approach might also accurately model the mechanical contributions of the ribcage and sternum. First, the sternum and ribcage significantly increase the load-bearing capacity of the spine (Andriacchi et al., 1974) . Second, injury to the sternum is associated with an increased risk of progressive, degenerative injury to the thoracic spine due to a loss of the stability and weight bearing contributions of the sternum (Berg, 1993) . Finally, removal of the costovertebral joints causes significant increases in the flexibility of the thoracic spine (Oda et al., 1996 (Oda et al., , 2002 . Watkins, et al. (2005) tested a human thoracic spine with ribcage and sternum attached, reporting a 12% increase in axial compression and 20-40% increase in flexion-extension and lateralbending following a displaced sternal fracture and 50-60% increase in flexion extension and lateral-bending flexibility when the sternum and ribcage complex were removed.
For our model, we had to make assumptions about how loads are distributed across the ribs and sternum. Watkins et al. (2005) and Oda et al. (1996 Oda et al. ( , 2002 found comparable increases in range of motion following removal of the ribcage from the thoracic spine. This suggests that the ribcage has the same stiffness at each level that it does as a construct. For this reason, we used a single value for ribcage stiffness based on the experimental findings of Watkins et al. (2005) . Whether the same is true for the sternum, however, has not been verified by in vitro tests. In the current model, we assumed full sternal stiffness across the vertebral levels in which it was present. More in vitro testing is needed to determine whether this assumption is borne out empirically.
We chose not to include the attachments of trunk muscles to the ribcage in our model. Previous models that have included muscle attachments to the ribcage (Kiefer et al., 1998; Shirazi-Adl et al., 2005) have not examined the effect of these attachments on predicted compressive force in the thoracic vertebrae. In addition to muscle attachments, it was necessary to simplify our consideration of the costovertebral and costotransverse joints. Changes in the costovertebral joint may have a significant functional consequence during breathing tasks; Polga et al. (2004) have shown that regular breathing causes a significant oscillation (up to 0.14 MPa, ∼ 10-15%) of measured intradiscal pressure in the thoracic spine. Intervertebral joints may also be considered in future models. Translation and rotation of individual vertebrae and the ribcage-sternum construct would not only allow for more realistic modeling of the tasks described within this manuscript, but might also have an important contribution to a stiffness-based model, since rotational deformation would invalidate Eq. (1) above. In this manuscript, we have only considered the ribs at T6-T10. Future work that includes higher and lower thoracic levels could explore possible changes in stiffness and mechanical properties at different levels of the spine.
The paucity of experimental data from the thoracic spine limits our ability to validate our predicted compressive forces at T6-T12. While we achieved good correlation with in vivo intradiscal pressures (Polga et al., 2004) , our model may over-or under-estimate actual compressive forces. Though we believe our prediction of thoracic compressive forces is accurate, this assertion is based primarily on validation of our model against in existing models of the lumbar spine (Hughes, 2000; Schultz et al., 1982; Stokes and Gardner-Morse, 2001; van Dieen et al., 2003) . We hope this paper stimulates additional research in this area, including in vivo, ex vivo and modeling studies, which would allow further refinement of the current model.
With regards to validation of our model for the lumbar spine, the data presented here closely approximates previously presented data for muscle activation and axial compression (Hughes, 2000; Schultz et al., 1982; Stokes and Gardner-Morse, 2001; van Dieen et al., 2003) . A comparison with literature values shows that the current model predictions agree with data reported for in vivo intradiscal pressures as well (Sato et al., 1999; Wilke et al., 1999) .
Finally, while we have validated the compressive forces predicted by this model, we have chosen to reserve the discussion of shear for future work. While the presented model does calculate shear forces, it does not yet incorporate concepts of the follower load (Patwardhan et al., 1999) . Recent work has shown that inclusion of the follower load more closely approximates shear forces measured in vivo (Kim and Kim, 2008; Rohlmann et al., 2009 ).
In conclusion, using a stiffness-based mechanical spring model for the ribcage, spine and sternum, we have developed a new biomechanical model for estimating forces applied to thoracic and lumbar vertebral bodies during various activities. This model builds on currently available biomechanical models of the spine, and represents an important step toward accurately predicting spinal forces at thoracic vertebral levels, and thereby may provide insights into the biomechanical contributions to vertebral fractures and back pain in the thoracic spine.
